Organic bioelectronics forms the basis of conductive polymer tools with great potential for application in biomedical science and medicine. It is a rapidly growing field of both academic and industrial interest since conductive polymers bridge the gap between electronics and biology by being electronically and ionically conductive. This feature can be employed in numerous ways by choosing the right polyelectrolyte system and tuning its properties towards the intended application. This review highlights how active organic bioelectronic surfaces can be used to control cell attachment and release as well as to trigger cell signaling by means of electrical, chemical or mechanical actuation. Furthermore, we report on the unique properties of conductive polymers that make them outstanding materials for labeled or label-free biosensors. Techniques for electronically controlled ion transport in organic bioelectronic devices are introduced, and examples are provided to illustrate their use in self-regulated medical devices. Organic bioelectronics have great potential to become a primary platform in future bioelectronics. We therefore introduce current applications that will aid in the development of advanced in vitro systems for biomedical science and of automated systems for applications in neuroscience, cell biology and infection biology. Considering this broad spectrum of applications, organic bioelectronics could lead to timely detection of disease, and facilitate the use of remote and personalized medicine. As such, organic bioelectronics might contribute to efficient healthcare and reduced hospitalization times for patients.
Introduction
Over the last decade, organic bioelectronics have become more popular and widely used in biological research and medicine [1] [2] [3] [4] . Organic bioelectronics are based on conductive polymers and inherit their flexibility, optical transparency and electrical and ionic conductivity. Further, they can be adapted and functionalized in a wide variety of ways thanks to organic chemistry methods. This combination of structural and functional flexibility makes them especially well-suited to applications in the medical field since it allows precise modeling of various attributes of cells and human tissues [5, 6] . This review demonstrates the most recent developments in organic bioelectronics with important implications for biological research and medicine.
Conductive polymers are organic compounds featuring a conjugated backbone and doping agents, which can reversibly associate or dissociate depending on the redox state of the backbone. In the conjugated backbone, chemical bonds mesomerize into alternating single and double bonds. In this energetically favourable state electrons are localized in the fully occupied valence band represented by the "highest occupied molecule orbital" (HOMO) separated from the unoccupied conduction band, represented by the "lowest unoccupied molecule orbital" (LUMO). HOMO and LUMO are energetically separated by the band gap energy (Eg). Thus, pristine conjugated polymers are semiconductors and Eg determines their optical properties. Chemical tuning can be performed in order to adjust Eg. Generally, more planar polymer structures feature smaller band gap energies within the energy spectrum of visible light [7] [8] [9] [10] [11] [12] [13] [14] .
Doping is the introduction of additional charge carriers into the conjugated polymer and increases the electrical conductivity [10] . Thus, doped conjugated polymers are called conductive polymers. Doping occurs by chemical reduction (n-type) or oxidation (p-type). The dopant acts as counter-ion to equilibrate the charge along the oxidised or reduced backbone. Conducting polymers therefore act like ionic complexes and their properties are largely dependent on the conjugated backbone, redox state and doping agent [15] . In most organic bioelectronics applications, p-doped conductive polymers are used due to their stability towards oxidation.
In general, the polymeric nature of the conductive polymers confers structural flexibility. This means that a wide variety of methods such as electropolymerisation on any possible conducting substrate, bar coating, screen printing, inkjet printing, and vapor phase polymerization can be used for fabrication. Beyond allowing for simple fabrication, the structural flexibility of conducting polymer materials allows seamless integration into existing experimental setups commonly used in biomedical research. Their transparency and tunable optical properties make most conductive polymers conducive to various forms of microscopy.
Unique features like ionic conductivity follow from the redox properties of conductive polymers. Low redox potentials of conducting polymer backbones in aqueous electrolyte allow reversible oxidation and reduction of the material, which creates excess charges in the polymer matrix. Charge equilibration requires controlled ion movement into or out of the polymer and gives rise to ionic currents. Ionic conductivity allows the use of organic bioelectronics devices to translate electronic currents into ionic flow [10, 16, 17] . While ionic currents are a common feature of biological communication, they are difficult to control or mimic with contemporary methods. Electronic currents are, however, sufficiently easy to control. Thus, organic bioelectronics might provide the missing link between electronics and biology and might find extensive application in developing fields like brain-computer interfacing, but also give rise to emerging applications in bioelectronic interfaces.
In this review we will highlight a series of organic bioelectronic devices that function based on the principle of iontronics [18] . Furthermore, we will introduce a panel of active surfaces based on organic bioelectronics, which help to mimic dynamic biological environments and allow the modulation of cell behavior with high degrees of spatiotemporal control. Since self-controlled systems are the ultimate goal in any bioelectronic interface aiming to alleviate pathological states, sensing applications based on organic bioelectronics are introduced as well. Further, there will be a focus on specific applications of organic bioelectronics in neuroscience, infection research and cell biology.
Electronically Controlled Ion Transport
Ions are essential signaling entities in biological systems. However, methods are scarce that allow control of the number of ions delivered to a system. The established technique of ionotophoresis is based on electrophoretic ion transport, thus lending itself to drug delivery applications, such as transdermal administration of therapeutic agents [19] [20] [21] . However, precise spatio-temporal control is difficult to achieve in this system.
To overcome the shortcomings of iontophoresis, a series of organic bioelectronic devices translating electronic currents into precisely controlled ionic currents have been developed (Figure 1 ). Based on their common working principle, these devices are called organic electronic ion pumps (OEIPs). As a common feature, OEIPs are based on poly (3,4-ethylenedioxythiophene) :poly(styrenesulfonate) (PEDOT:PSS), a chemically stable polymer-polyelectrolyte system with electronic and ionic conductivity. The PEDOT:PSS film is patterned onto a polyethyleneterephthalate (PET) substrate to create at least one source and one target electrode. The source and target electrodes are connected by a polymer channel (mostly overoxidized PEDOT:PSS), that is conductive for ions but not for electrons. The layout and size of the electrodes and channel is flexible and can be adapted to the specific application. On top of the PEDOT:PSS electrodes, a hydrophobic, insulating material is patterned (mostly SU8), so that liquid reservoirs are created over the source and target electrodes. The source reservoir is filled with an electrolyte containing a specific cation that is to be transported and the target reservoir is filled with an electrolyte, chosen to support the application. An electrical potential applied over the OEIP source (+) and target (−) electrodes, will oxidize (PEDOT The OEIP layout is changed to accommodate three PEDOT:PSS electrodes, source (S), waste (W) and target (T). A pre-loading circuit is created to enable tight spatiotemporal control over the transport. For pre-loading the channel, source (S) and waste (W) electrodes are adressed. To rapidly initiate transport, source (S) and target (T) electrodes are addressed as shown in the transport circuit; (c) Syringe like OEIP suitable for implantation and in vivo experimentation. By addressing source and target electrodes immersed in the respective reservoirs, biomolecules are released from the tip of the device, which can be placed in direct contact with specific biological tissue or cell type.
The first device of a series of OEIPs was developed to control Ca 2+ signalling in neuronal cells by electronic control of ion transport through the channel of the OEIP (Figure 1a ) [22] . Here, four PEDOT:PSS electrodes were patterned. A layer of SU8 was added to hold electrolyte reservoirs on top of the electrodes (Figure 1a, A-D ). An overoxidated PEDOT:PSS channel was created between the source (Figure 1a , B) and target ( Figure 1a, C) electrode. Since the capacity of the OEIP is defined by the number of redox sites, and since PEDOT:PSS in its pristine state is more oxidized than reduced, the amount of redox sites at the source electrode is the limiting factor of the OEIPs ion transport capability. Therefore, the source and target electrodes were integrated in an individual electrical circuit with another, larger electrode ( Figure 1a , A and D) so that the source electrode (Figure 1a , and the transport charge was determined from the time integral of the transport current. Thus, it was found that about 150 nmol K + were transported with 15 mC and 30 mC transport charge was required to transport the same amount of Ca
2+
. Thus, transport efficiencies per ion charge close to 100% were established for K + and Ca
.
Comparing the amount of ions in the target reservoir after active transport and passive diffusion, the ON/OFF ratio of the device was established to be 300:1 [22] . When protons (H + ) were transported using the same device, transport efficiencies were found to be close to 100% (one proton per electron) with an ON/OFF ratio of > 1000:1 [23] .
Since the transport via the OEIP does not mechanically disturb the sample, it was possible to use the device to generate delicate pH gradients and proton oscillations with tight electronic control [23] .
Varying the ON time of the OEIP can generate pH gradients bridging three orders of magnitude [H + ] over a distance of 5 mm in the target electrolyte. Addressing the device with 10-15 s monopolar, rectangular pulses with 5 or 10 V amplitude every 4 min yielded pH oscillations in the medium with a periodicity of 5 min, which is a time scale observed in many cell signalling events, such as ion controlled gene transcription. Thus, the potential of the OEIP to precisely control and modulate cellular signalling events was recognized. However, the design of the device with wide channels of 50 µm-4 mm led to delayed delivery times due to residual ions in the material. Thus, cellular responses were delayed and electronic control could not be exerted as accurately as possible.
To translate electronic currents into precise chemical cues controlling fast neuronal signalling, the OEIP device layout was adapted to (i) expand the transport repertoire from metal cations (H + , K + , Ca 2+ ) to biomolecules; (ii) provide increased spatiotemporal control with channel outlets around the size of a single neuronal cell; and (iii) maximise temporal control over the delivery and reduce delivery delay times from minutes to seconds [24] . This was achieved by the next generation of OEIP devices (Figure 1b) . The 10-µm OEIP featured a 10 µm channel outlet and a pre-loading circuit with which the channel can be loaded with biomolecules before delivery to the target electrode (Figure 1b , pre-loading). Through the pre-loading circuit, a waste electrode is introduced alongside source and target electrodes. By addressing the source and waste electrodes with 20 V for 3 min, the channel was pre-loaded with biomolecules to be delivered. Transport of the biomolecule to the target electrode was initiated by applying a potential of 20 V between source and target electrode (Figure 1b, transport) . Using the preloading circuit, the delay in transport was reduced to a few seconds. When the neurotransmitter acetylcholine (ACh) was transported as a candidate for a biologically active compound, delivery rates of 0.26 ± 0.02 pmol s were established when transport was driven with 20 and 40 V. Transport efficiencies of of 103 ± 3% and an ON/OFF ratio of about 400:1 was established for transport of the neurotransmitter ACh [24] .
Assessment of the retention of biological activity of the transported biomolecule was examined by using neuron-like cells as biosensor for the delivered neurotransmitter ACh. Human neuroblastoma cells, known to express ACh receptors (AChR) were cultured on the target electrode and cell culture medium was used as electrolyte in the target reservoir. By addressing the device and initiating the transport of ] of about 30% within a time of half maximal response tmax1/2 = 11 sec. Another cell, growing within a 150 µm radius from the outlet responded significantly more slowly and with negligible signal amplitude. Thus, it was found that single cell control could be established using the 10 µm OEIP [24] .
Due to the tight spatiotemporal control of ACh transport, it was not only possible to excite single cells, but also to achieve repeated stimulation of neuron like cells using ACh. Since the high [ACh] at the outlet is maintained locally, it is expected to instantly collapse due to rapid diffusion when the transport is interrupted. When 0.2-2 s pulses of ACh transport were applied in a regular pattern, oscillations of intracellular Ca 2+ were observed. When the ACh transport was stopped, the high local [ACh] diffused in the bulk medium and the cellular response subsided. Thus, it was possible to re-excite cells with specific patterns of stimuli whose frequency was shown to control the frequency of Ca 2+ oscillations in the stimulated cells and whose duration was shown to control the amplitude of the cellular response [24] .
The direction indicated by the tightly controlled 10 µm OEIP is to create a multitude of individually addressable delivery channels for chemical cues to gain dynamic control of cellular microenvironments. This can be achieved by introducing transistor functionality similar to the addressing schemes found in active matrix displays to create active chemical circuits in high-resolution patterns. The ion bipolar junction transistor (IBJT), which is an electrophoretic, chemical transistor, was developed to enable the construction of more advanced delivery schemes controlling the flow of ions and charged biomolecules [25] [26] [27] . The IBJT consists of three channels (emitter, collector and base). The terminals, where reservoirs for electrolytes are defined, are all made of conductive PEDOT:PSS. Emitter and collector channels consist of over-oxidized PEDOT:PSS. The base channel is made of an anion selective membrane. The three channels meet in a junction where they interface a neutral cross-linked gel layer. Transport of cations from the emitter to the collector requires that voltage is applied across the emitter-collector (VEC > 0 V) and that the junction is conductive. This is obtained by varying the salt concentration in the cross-linked gel layer. In the active mode (VEB > 0 V), chloride ions (Cl − ) migrate through the base into the junction where they get compensated by cations from the emitter. This increases the ionic conductivity between the emitter and collector allowing the molecules that are to be delivered from the emitter to the collector, passing through the gel [26] . Hence, the ionic current between the emitter and collector, i.e., the amount of delivered molecules, becomes a function of the potential applied to the base. The functionality of the IBJT was demonstrated using real-time Ca ] were recorded. The device was then switched to its active mode by reversing the bias voltage of the base VEB. As Cl − migrates through the base channel into the junction, migration of ACh from emitter to collector is achieved. Local delivery of ACh was initiated by applying VEB = 4 V to the IBJT. As cells located at the collector outlet were exposed to ACh, an immediate increase of intracellular Ca 2+ was observed. When the IBJT was switched to its OFF state, ACh delivery was terminated. As a consequence, the intracellular [Ca 2+ ] declined and returned to a basal level. Re-exposure to ACh by applying VEB = 4 V led to initiation of a renewed Ca 2+ response and showed that cells were able to be re-excited. Thus, transistor functionality and transistor mediated control of neuronal activation was demonstrated using a chemical transistor [26] . Gaining electronic control of chemical circuits as demonstrated by the IBJT is a crucial step to establish dynamically controlled microenvironments. Considering the variety of applications in modern laboratories, the chemical transistor has the potential to initiate a new era of automation in wet lab technology, much like the electronic transistor did in electrical engineering.
While the properties of the OEIP and its related technology are favorable for in vitro applications, tight spatiotemporal control of transport without initial burst release and the absence of liquid flow are essential to establish a delivery application for neuroactive substances in vivo. Since the original flat design of the OEIP is not suitable for intracerebral application, the OEIP was tailored into a flexible syringe-like shape for surgical implantation (Figure 1c ) [28] . The planar device was separated into two encapsulated electrode-electrolyte systems, the source and target compartments, enclosing anode and cathode. The source compartment is filled with the substance to be delivered and the cathode system with an electrolyte. By cutting the over-oxidized and electronically insulated ion channel in half, the tip from the source and target electrodes comes into direct contact with the target system. As demonstrated earlier [23, 24] , the target electrolyte can be complex cell media or buffer and can thus be any type of extra-or intracellular fluid when used in vivo. To complete the electrochemical circuit, cations are extracted from the target system into the OEIP target compartment. Since this process is not specific, the vast pool of extracellular ions will readily replenish the target system.
The syringe-like OEIP ( Figure 1c ) was used to demonstrate transport of common neurotransmitters like γ-aminobutyric acid (GABA) and glutamic acid (Glu) as well as aspartic acid (Asp). Importantly, the transported neurotransmitters maintained their biological activity. Primary cultures of astrocytes, known to express Glu receptors, were stimulated with OEIP transported Glu [28] . As the working principle is the same as in the planar devices, the voltage drop occurs primarily across the channel, resulting in negligible electric fields in the target system. Hence, the cells are not stimulated by the applied potential or electric field, but by the neurotransmitter released from the device. When transported Glu reaches the tip of the device, it is released into the target electrolyte binding to Glu receptors (GluR) on the membrane of adjacent cells. GluR activation results in an influx of Ca 2+ into the cell, which is recorded by intracellular Ca 2+ imaging. To demonstrate the in vivo application of the device, the syringe-like OEIP was used to modulate mammalian sensory function by achieving non-invasive delivery of Glu to the perilymph in the cochlea of guinea pigs. The tip of the syringe-like OEIP was mounted at the bone beside the cochlea round window membrane (RWM). Using the RWM as a port of diffusive entry into the cochlea, continuous delivery of Glu was achieved at a constant voltage for 1 h. By monitoring the brain's ability to perceive sound of specific frequencies, the so-called auditory brainstem responses (ABR), hearing sensitivity was assessed before and after Glu delivery. During the 1 h exposure, ABR measurements showed that the animal suffered from significant loss of higher frequencies at the base where Glu enters via the RWM, whereas the control group exposed to transported H + showed no change in hearing sensitivity. In addition to confirming the excitotoxic effect of Glu, this experiment demonstrated the inert nature of the OEIP in vivo delivery system, meaning that the device application and molecular transport itself was not damaging. It was successfully demonstrated that the syringe-like OEIP can relay electronic signals into chemical cues that influence neuronal signaling. Thus, this was the first proof of concept to demonstrate the OEIP technology's potential for machine-to-brain interfaces.
Alternative concepts for electronically controlled ion transport are based on mesoporous carbon membranes [29] and TiO2 nanochannels [30] . With dimensions smaller than the Debye length of the electric double layer, direct manipulation of ions in the nanochannels becomes possible via the surface charge or an electrical field. It was shown that diffusion of charged dye molecules, and small ions (K + , Cl − ) through a mesoporous carbon membrane can be controlled by an electrochemical potential, whereas the electric field controlled transport of Mg 2+ and Na + in TiO2 nanochannels.
Self-Controlled Biomimetic Systems
Closed-loop systems, able to sense a pathological state and exert some kind of stimulation in order to balance the environment, are gaining increasing attention, primarily in applications related to neuroscience [31, 32] . Miniaturized, low-power brain-computer interface microsystems enable high performance on-line signal processing and an array of chronically implantable, biocompatible and stable electrodes can be used as biointerfaces in these advanced neuronal closed-loop systems [31] . Cortical brain computer interfaces, used to convey precise directions of movement [33, 34] , show great promise for development of robotic prostheses [35, 36] . While the technology has improved significantly over the last years, self-controlled systems using organic bioelectronics are still rare.
The unique property of the OEIP to transform electrical signals into release of chemical substances is similar to the function of a nerve cell in which electrical signals, travelling along the axon in form of action potentials, are transformed into the release of neurotransmitters at the axon terminals. The value of the OEIP technology in machine-to-brain interface applications has been described in detail in an earlier review [2] . Building on that notion, the OEIP technology was used to fabricate an organic electronic biomimetic neuron (OEBN) to enable auto-regulated neuromodulation (Figure 2 ). In its most simplified form, a neuron can be considered a chemical-to-electrical-to-chemical signal transduction. Whereas information over long distances is conveyed by electrical signals, chemical signals function as input and output at both ends of the nerve cell to provide biochemical specificity. Chemical sensing is mediated by receptors on the cell body. Binding of a neurotransmitter to its receptor leads to slight depolarization or repolarization of the neuronal membrane. Integration of the chemical inputs eventually leads to generation of an action potential. This electrical signal is quickly transmitted along the axon. At the axon terminals, the action potential is again converted into a chemical signal by initiating fusion of neurotransmitter-containing vesicles with the neuronal membrane and thus release of neurotransmitters from the axon terminals. The OEBN was built to mimic this fundamental aspect of neuronal function ( Figure 2 ) [37] . Chemical-to-electrical signal transduction is achieved by a selective biosensor. Commercial amperometric biosensors utilize enzymatic reactions to oxidize or reduce the chemical compound to be detected. This leads to an electronic sensor current, which is directly proportional to the concentration of the chemical to be detected. For the OEBN, amperometric Glu and ACh sensors were utilized. When operated with 0.6 V and 0.5 V against a built-in Ag/AgCl reference electrode, respectively, the highly selective biosensor yielded two electrons for each Glu and four electrons for each ACh. To create an automated control circuit, the sensor current was used as an input signal for the OEIP control software. In accordance with neuronal excitation being dependent on specific threshold activation, neurotransmitter transport through the OEIP, and thus electrical-to-chemical transition, was initiated when an arbitrary threshold of 80 µM Glu was reached at the sensor. Now, if [Glu] exceeds 80 µM in a cell culture dish in which the sensor part of the OEBN is located, the OEIP part of the OEBN is activated in a remote cell culture and neurotransmitter transport is initiated. Based on the essential principles of neuronal chemical-to-electrical-to-chemical signal translation during neuronal transmission, two remote neuronal populations were interfaced using the OEBN. These initial experiments show the potential of the OEBN technology to be able to support or replace damaged neuronal connections in the brain (Figure 2 ). This holds great potential for application in neurodegenerative diseases like Alzheimer's or Parkinson's syndrome. Since wireless transmission of the electrical signal is possible [38] , application in paralyzed patients is potentially possible with ACh release at the motor end plate, which can control muscle contraction and thus help to regain the ability to move while natural muscular innervation might be lost.
In another approach, a sensing-coupled drug delivery system was developed based on the polymer polypyrrole (PPy) doped with the anionic drug adenosine triphosphate (ATP). A self-regulated system was achieved based on ATP release occurring in the presence of chemical triggers, such as reducing agents (e.g., hydrazine), the bioreductant dithiothreitol and changes in the local pH [39] .
Organic Bioelectronic Active Surfaces
The surface of a material creates an interface between the material and its environment. For a given application, surfaces with specific properties can be developed. A prominent advantage of organic bioelectronics is that modulating their redox state leads to changes in the surface properties. Accordingly, it has been shown that cells distinguish between oxidized and reduced surfaces of organic bioelectronic materials. Furthermore, depending on the material, redox switching the surface can induce cell stimulation, attachment, differentiation, and morphology changes [40] [41] [42] . Thus, organic bioelectronics can be used to model different dynamic states often encountered in biological systems. Using organic bioelectronics as active surfaces to induce certain behavior in cells is advancing the field of cell biology by providing biomimetic surfaces that allow the study of cell behavior close to in vivo behavior [43] . A panel of active surfaces has been developed using organic bioelectronics in recent years and used to guide cell behavior upon an electronic trigger ( Figures 3 and 4) . Organic bioelectronics used for electrochemical control of surface energy. (a) A two-electrode surface switch is used to display oxidized or reduced surfaces upon electrochemical switching. Using the two-electrode switch, cell attachment can be controlled, since cells tend to grow on the reduced surface but not on the oxidized surface. Also, applying an alternating sinusoidal potential, a transparent two-electrode sensor can be created by monitoring the phase delay of the measured current. This sensor can be used to monitor epithelial barrier formation and disruption. Simultaneous optical and electronic measurements can be performed as the sensor is fully transparent; (b) An organic electrochemical transistor (OECT) is created by adding a gate electrode to a conductive channel between source and drain electrodes. Applying a constant potential over the channel, cell density gradients can be created due to the cells preference for a certain surface redox state. Tuning the gate potential, cellular attachment can be focused to a narrow area along the channel of the OECT. By pulsing the gate potential and measuring current transients, the conductivity of the channel can be determined. Thus, the OECT can be applied as sensor for epithelial integrity as well. Electrochemical reduction or oxidization of a conducting polymer leads to alteration of charges at the polymer backbone. Depending on the backbone charge, doping ions are tightly associated or dissociated with the backbone [10] . Thus, the chemical properties of the doping agents are determinants of the surface properties during reversible redox switching of the conducting polymer.
To create wettability switches based on conducting polymers doping agents representing monomeric surfactants, such as dodecylbenzenesulfonate (DBS) or perfluorooctanesulfonate (PFOS) ions are most widely used, while multiple conjugated polymers such as polyaniline (PANI), polypyrrole (PPy) and poly(3-hexylthiophene) (P3HT) are employed as backbones [44] [45] [46] . While the micro-and nanostructure of the film play a role [46] , the chemical properties of the dopant are the most influential in determining the wettability of a surface. In an oxidized state, the backbone carries positive charges and the hydrophilic group of the surfactant is associated with the polymer, while the hydrophobic tail is sticking out towards the surface, creating a hydrophobic film with large surface energy (Figure 3a , wettability switch). In a reduced state, the dopant dissociates and the hydrophilic group will be free to interact with water dipoles on the surface, creating a more hydrophilic surface [44] .
Based on changes in surface energy, cell attachment switches have been developed that allow for attachment of cells in the reduced state, but not in the oxidized state (Figure 3a, attachment switch) . It appears that an altered surface chemistry and charge cause a distortion of the conformation of fibronectin, a protein essential for cellular attachment [42, 47] . Devices that allow control of the surface energy of a conducting polymer film can be simple two-electrode switches, presenting the fully oxidized and fully reduced state of the polymer on each single electrode, with a gradient of surface energy on the conducting polymer in between. By addressing two peripheral electrodes with a conducting polymer channel, a continuous electrochemical gradient is produced. With repeated, reverse oxidation and reduction at the two peripheral electrodes, a 1 µL water droplet on the center of the channel was moved along the wettability switch for a distance of about 1 mm [44] . By adding a gate electrode to the channel, an organic electrochemical transistor (OECT) was created in which the steepness of the electrochemical gradient was modulated by the gate potential [47] . Using this device, cell density gradients were produced along the channel of the OECT (Figure 3b, cell density gradient) . Further, cell adhesion was tuned and cell attachment was driven towards a narrow area along the channel (Figure 3b, focused cell attachment) .
The same mechanism of reversible electrochemical oxidation and reduction can be employed to create conducting polymer films in which ions and solvents can be integrated by reduction, which leads to significant dimensional changes. This phenomenon is called electrochemomechanical deformation and can be used to create soft actuators or transducers for the conversion of electrical power to mechanical work [48] (Figure 4a ). When the p-doped conducting polymer is reduced, the doping ion dissociates from the (uncharged) backbone. The free negative charges of the doping ion will be equilibrated by an influx of metal ions and solvents from the surrounding electrolyte. Polyaniline (PANI), polypyrrole (PPy) and polythiophenes (Pth) as conjugated polymer backbones can be used for the fabrication of conducting polymer actuators [49] . Since PANI actuators are operated in acidic environment with pH < 4 [50] and Pth actuators reach comparably low strains (% deformation) in ionic liquid electrolytes [51] , PPy actuators are most widely used in biomedical applications [52] . Generally, the dimensional changes in soft actuators made from conducting polymers are the result of ion and solvent influx (Figure 4a , mechanostimulation due to swelling). Thus, the strain in PPy actuators has been shown to depend on the size of ions and solvents exchanged in the oxidation and reduction process. In a biomedical setup, PPy doped with DBS or tosylate are most commonly used to build microactuator systems [53] .
An organic electronic microactuator chip for mechanical stimulation of single cells was developed using traditional photolithography and microfabrication techniques. Individually addressable, alternating areas of PPy and SU8 were exposed on a silicon wafer. Renal epithelial cells were seeded on the PPy/SU8 and Ca 2+ activity was measured due to mechanical stimulation of cells (Figure 4a , mechanostimulation due to swelling). When the polymer expanded in response to electrochemical switching, an increase of intracellular Ca 2+ was observed, accounting for the activation of an autocrine ATP signalling pathway associated with mechanical stimulation of cells [41] . Further, miniature conductive polymer actuators for generation of high pressure in the lab on chip systems were developed by stacking several layers of modified PPy intercalated with electrolyte layers [54] . In a similar approach, PPy/DBS was used as micropump for drug delivery on a multiplexed and switchable microneedle platform [55] .
An interesting biomimetic approach is the development of artificial muscle using PPy stretchable actuators. Since the working potential of PPy/DBS films can change as a function of electrolyte concentration, temperature or mechanical stress, it is hypothesized that the material can act not only as an actuator but also as an environmental sensor [56] . Artificial muscles, as electrochemical actuators made up of reactive materials, can therefore respond to the ambient conditions during actuation. In this way, they can be used as actuators, sensing the surrounding conditions during movement [57] [58] [59] .
Yet another application of a conductive polymer active surface is the controlled release of drugs or biomolecules based on the hypothesis that compounds, entrapped in the polymer during synthesis or fabrication, are released from the polymer matrix due to de-doping and swelling caused by repeated or continuous electrochemical switching [60] [61] [62] [63] [64] [65] (Figure 4a , drug release due to de-doping/swelling). It has been found that the drug loading capacity of a conductive polymer is not only dependent on the doping level, but can also be increased by introduction of cavities into the material. Thus, de-doping, and the release of the dopant, is probably accompanied by polymer swelling [60, 63] . Also, drug release after electrochemical switching of the polymer is not limited to release of negative doping ions when swelling processes are taken into account. This has been demonstrated by precisely tuned delivery of the neutral drug progesterone from a PPy scaffold [65] . Further, networks of PPy nanowires were electrochemically prepared in which the micro-and nano-gaps that separated individual PPy nanowires seem to act as drug storage reservoirs [66] . In this system, drug-loading capacity depends on the volume of the micro-and nano-vacancies, and not the doping level. Hydrophilic and lipophilic drugs can both be loaded into the micro-and nano-gaps due to the amphilicity of the PPy nanowire network [66] .
A conductive polymer, in which electrochemical switching leads to complete reorganization, and eventually causes cracking an swelling of the entire polymer film, is the self-doped conductive polymer PEDOT-S:H [67] (Figure 4b , polymer disintegration). The polymer supports a polythiophene backbone structure to which negative charged sulfonate groups are linked via alkyl chains acting like little arms. In its reduced state, the polymer associates with protons to balance its internal negative charge. When an electrical potential is applied and the backbone is oxidized, the protons are expelled and the negatively charged groups on the alkyl arms are drawn to the center of the molecule. This results in a major structural change and eventually leads to swelling, cracking and finally disaggregation of the polymer. Electronically triggered disaggregation of PEDOT-S:H was used to detach urinary bladder epithelial cells from their substrate while conserving important surface antigens as compared to enzymatic detachment [67] (Figure 4b , cell detachment).
Sensors
Owing to the rough surface topography caused by the polymeric structure, conductive polymers possess a large active surface area compared to metal electrodes of a similar size. The active surface area can be even further increased by fabrication of conductive polymer coated 3D scaffolds [68] [69] [70] [71] . This is facilitated by simple fabrication techniques like electrodeposition or vapor phase deposition. A significantly larger electrode area can potentially yield better signal-to-noise ratios, enhanced sensitivity, and lower detection limits for various sensing applications. Large surface areas are beneficial for label-free sensing, but can also contribute to increase the amount of immobilized biomarker/enzyme in various biosensing applications [72] .
Well-known concepts for the biomedical application of PPy based biosensors are the "bioelectronic nose" and "bioelectronic tongue" platforms. For the fabrication of high-performance bioelectronic noses, human olfactory receptor conjugated PPy nanotubes were integrated into a field-effect transistor sensor platform [73] . Binding of the odorant to the olfactory receptor was translated into a detectable signal specific for the respective odorant. Recently, ultrasensitive carbon nanotube and graphene based electronic noses were developed [74] [75] [76] . Further, a bioelectronic tongue platform was presented based on a field effect transistor functionalized with human taste receptors [77] . Artificial nose and tongue platforms are mainly directed for use in the food industry to detect spoiled or contaminated products in an early stage during the processing.
Sensors of neurotransmitters are developed for medical applications. Dopamine sensing in the brain is used to investigate the effects of different treatment options available for Parkinson's disease, which is a neurodegenerative disease linked to dopamine depletion in the striatum [78] . Although dopamine can be detected by positron emission tomography, immunostaining and microdialysis, only electrochemical detection can be applied for continuous monitoring with high temporal resolution [79] [80] [81] [82] . Interfering species with oxidization potentials similar to that of dopamine and high impedance of common metal microelectrodes are problematic for the common method of amperometric detection. An approach to specifically detect dopamine in the striatum of the rat in vivo using an implantable microelectrode sensor was presented using the "molecularly imprinted polymer" technique [83] . PPy and dopamine were electrodeposited on a platinum substrate and dopamine was washed out using ethanol, leaving a specifically sized cavity in the polymer film. Through polymer oxidization, carbonyl and carboxylic groups supposedly increased dopamine specificity by attracting its NH3 group and repelling negatively charged molecules. The OPPy-MIP (overoxidized polypyrrole-molecularly imprinted polymer) microelectrodes proved to be superior compared to non-imprinted polymer electrodes in terms of sensitivity and specificity in vitro as well as in vivo [83] .
A dopamine biosensor for the detection of dopamine in urine samples was developed by electrodeposition of multi-walled carbon nanotubes, PPy and laccase on a platinum electrode. Detection was carried out by pulse voltammetry and high sensitivity was achieved by chemical oxidation of the phenolic substance by the laccase enzyme on top of electrochemical oxidation [84] . A common feature of PPy sensing applications is the utilization of nanostructures like nanotubes and nanoparticles to increase the effective surface area. Also, enzymes, DNA or other biomolecules are used as dopants in order to increase sensor specificity [85] [86] [87] [88] . Exploiting these resources, PPy has been used extensively for sensing of small metabolites like glucose, ascorbic acid and ammonia [89] [90] [91] but also for protein detection like haemoglobin [92] and prion protein [93] .
Label free sensors based on PEDOT:PSS were developed to monitor the integrity of mucosal linings, formed by epithelial cells in airways, the gastrointestinal tract and the urinary tract. Using an OECT, a constant potential was applied between the drain and source electrodes. Pulses of positive gate potential were applied and the current response was measured. The epithelial integrity was established from the current transient of the gate current (Figure 3b , epithelial integrity sensor) [94] . For a similar approach, a planar, transparent two-electrode sensor was developed for simultaneous electronic and optical monitoring of epithelial monolayer formation and disruption (Figure 3a, epithelial integrity sensor) . The phase angle of the current response towards a low sinusoidal 0.1 V potential was determined for sinusoidal frequencies between 0.1 and 10 5 Hz. From the recorded phase angle spectrum (PAS), a peak in phase angle amplitude at 10 3 -10 5 Hz was identified, which corresponded to increased cell capacitance as the epithelial monolayer formed on the PEDOT:PSS electrodes. Transparency of the electrode material facilitated immunofluorescence-based identification of the tight junction protein ZO1, demonstrating that a polarized epithelial monolayer had formed. Addition of an ionophore to the polarized monolayer demonstrated that PAS technology is a valuable tool to also monitor disruption of the barrier function. High-resolution data on the kinetics disruptive processes at the polarized epithelium was obtained by quantification of the PAS peak amplitude, with measurements recorded in the partial spectral range every 30 s [95] .
Biomedical Applications of Organic Bioelectronics

Neuroscience
Electrochemistry has been a cornerstone of neuroscience research for decades. Not surprisingly, when the properties of conducting polymers and devices built from conducting polymers were realized, neuroscience was one of the first fields to take advantage of the new breakthroughs. Neuronal cell cultures were among the first experiments to be performed with conducting polymers.
The specific morphology of neuronal cells with dendrites, cell bodies and axons presents specific challenges to common cell culture systems. Novel substrates for neuronal cell culture made from conductive polymers have shown to promote neuronal morphology. Nano-fiber scaffolds made from electrospun poly(ethyleneterephthalate) coated with PEDOT:tosylate promoted multidirectional neurite outgrowth in neuron-like SH-SY5Y cells [68] . Wetspun PPy doped with p-toluene sulfonate has also been used to control and promote rapid and direction growth of nerve cells [96] . Dorsal root ganglia displayed both axonal and Schwann cell alignment along the PPy fibers.
A further advantage of conductive polymers is that they can be used to exert electrical stimulation while supporting neuronal morphology. Thus, in both of the above publications, electrical stimulation was used. It was shown that electrical stimulation induced an intracellular Ca 2+ response in the neuronal cell. This is known to lead to activation of multiple signaling cascades related to growth and differentiation [97, 98] . Furthermore, it could be shown directly that electrical stimulation contributed to accelerated axonal growth [96] .
A crucial problem in the focus of today's neuroscience research is to find a way to promote growth of neuronal cells while suppressing growth of glial cells on a surface. This relates to the problems of glial sheathing, which is observed on deep brain stimulation electrodes within two weeks of implantation [99, 100] . Using PPy, it was shown that by changing the doping agent it was possible to select for the growth of different cell types. PPy doped with fibronectin fragments supported higher densities of glial cells, and PPy doped with nonapeptide CDPGYIGSR supported higher densities of neuroblastoma cells [101] . On the other hand, the doping agent can promote neuronal growth and differentiation of precursor cells into a neuronal phenotype. PPy doped with two different laminin fragments (p31 & p20) was shown to affect neuronal adhesion and morphology in vitro. Both p31 and p20 doped PPy showed a higher neuronal density than the control surfaces and p20 doped PPy supported significantly longer neurites. Astrocyte adhesion was also significantly higher on both p31 and p20 doped PPy than on the control [102] . Neuronal growth factor (NGF) was used to dope both PPy and PEDOT and was shown to be active from within the polymer using the attachment and neurite development of PC-12 cell as a marker [103] .
Exposure to neurotrophic factors or electrical stimulation via conducting polymers can have beneficial effects on neuronal differentiation and morphology. Their combined effect was investigated by measuring outgrowth of neurites from cochlear explants positioned on functionalized PPy [104] . Incorporation of neurotrophin 3 (NT-3) and brain-derived neurotrophic factor (BDNF) into PPy was performed by electrodeposition, yielding up to 244 ± 7 ng cm −2 BDNF + NT-3. Electrical addressing of the surfaces using biphasic 100 µs pulses of ± 1 mA cm −2 facilitated release of BDNF from PPy containing NT-3. While BDNF was released from the unstimulated polymer in form of sustained release, release of NT-3 depended on electrical stimulation of the polymer. Collectively, this showed that neurite outgrowth from cochlear explants increased dramatically when neurotrophic factors were released at the same time as electrical stimulation was applied to the polymer.
Use of conductive polymers as electrodes for tissue stimulation has the striking advantage that they can be synthesized in situ. Potentially hazardous surgeries for electrode implantation associated with tissue scarring and gliosis may thus be prevented. Polymerization of PEDOT around neuronal cells was performed by Richardson-Burns et al. [105] . When PEDOT was electrodeposited in a dish containing a living neuronal cell culture, the conductive polymer wrapped closely around the cells and their extensions, sometimes engulfing the cell body. Exposure to electrical current during the electrochemical polymerization process led to permeabilization of the cells' plasma membrane. The researchers used this technology to produce cell-templated PEDOT coatings. Neuron-like cells grown on these cell-templated structures seemed to re-populate the cell-shaped holes, but did not settle into the exact same position as the original cells used for templating [105] .
Next, it was demonstrated that a nano-and microscale conductive polymer network could be grown from implanted metal electrodes using in vivo electropolymerization of PEDOT in mouse brain slices. The PEDOT nanofiber network contributed to a large increase in effective surface area of the electrode as compared to that of the bare electrode, as evidenced by decreased impedance and increased charge capacity [106] .
An increasingly recognized aspect of conducting polymers in neuroscience is their potential for brain computer interface applications [2, 107] . Their ability to translate electronic signals into ionic currents has led to the development of an organic electronic biomimetic neuron (OEBN) that mimics chemical-to-electrical-to-chemical signal transmission of neuronal cells [37] (Figure 2 ).
Infection
Infections are often caused by bacteria growing in a specific state called biofilm that forms when free-living bacteria attach to surface and transition into a biofilm phenotype. In biofilms, dense aggregates of bacteria are embedded in large amounts of extracellular matrix, which help them to firmly adhere to surfaces [108, 109] . This feature of the biofilm hides the immunogenic bacterial cells from the immune system and prevents them from being cleared. Biofilm formation is also associated with the development of "persisters," which are cells within a bacterial population with a much slower metabolism than normal. This undermines the mode of action of most antibiotics that need replicating bacteria in order have an effect [110] . In the hospital setting, biofilms are especially associated with implanted medical devices. Invasive surgeries in combination with implantation of prosthesis or a device present both an entry point for the invasion of bacteria and a surface upon which attachment and biofilm formation can be initiated. Treatment of biofilm-associated infections is complicated, and usually, high systemic concentrations of antibiotics administered over a long period of time are required in order to reach sufficiently high concentrations at the infection site. Even then, biofilms reduce biocidal activity and are generally considered irreversible once they are established. Even under aggressive antibiotic administration, surgical intervention can often be the only solution to effectively remove a biofilm [111] .
Current research focuses on creating new surfaces for incorporation into medical devices, which could either reduce the chance of biofilm formation or remove biofilm by facilitating more effective bacterial killing. A common way of inducing more effective bacterial killing is to enable the release of bactericidal drugs directly from the surface. A benefit of this method is that high concentrations of antibiotic are delivered to infection sites without the need for invasive surgery and high systemic doses of antibiotics (as is the case with oral or intravenous drug delivery) [111] . Releasing antibiotics from a conducting polymer surface as shown previously [61, 112] could alleviate this problem, as locally released concentrations are high while systemic concentrations are low.
A preventative measure to avoid biofilm formation on implants might be to promote implant ingrowth and prevent inflammatory processes at the implantation site. To address this, electronically controlled drug release has been demonstrated from PPy films coated on implants and prostheses. Functionalized prostheses fabricated with an antibiotic coating prevented infection at the site of implantation and improved integration of the prosthesis with surrounding tissue [113] . Ti is the most widely used material for bone and joint prostheses in hospitals with a high probability of an infection due to the invasive surgery needed for implantation. Inflammatory events at the implant-bone interface inhibit ingrowth and result in implant failure [114] . Release of anti-inflammatory dexamethasone as well as the antibiotics penicillin and streptomycin was examined from nanoporous PPy films deposited on Ti [112, 115] . It was demonstrated that 80% of drugs were released on demand within 5 cyclic voltammetry sweeps [115] . Furthermore, they showed that while fibroblast adhesion on a PPy film was inhibited, bone-forming osteoblast adhesion was improved on PPy doped with dexamethasone (a common anti-inflammatory).
While treatment or prevention of infections by local drug release can be one approach to handle biofilm formation, another could be early detection by sensing subtle changes in cellular density. The mammalian host is separated from the external environment by specialized epithelial cells creating an epithelial barrier [116] [117] [118] . The epithelium is also the main regulator of homeostasis within the body, which also makes it a vulnerable entry point for pathogens. Epithelial barrier function is determined by plasma membrane integrity and the presence of tight junction between cells. During infection, bacteria attempt to circumvent these barriers and are counteracted by the host, which acts to clear the infection and re-establish homeostasis with minimal tissue damage. Tissue microbiology studies [119] [120] [121] , exploring interactions between invading bacteria and the host have shown intricate effects of bacteria-host interactions involving colonization, epithelial blebbing and tissue ischemia [122, 123] .
To address the complex questions posed by biology, innovative in vitro models using organic bioelectronics are under development. Conductive polymer based sensors detecting epithelial barrier integrity are an example of such a model. An OECT based sensor has been developed initially dependent on a transwell system, but later advanced towards a planar setup, constructed only from conductive polymers [94, [124] [125] [126] [127] (Figure 3b , epithelial integrity sensor). Further, a transparent two-electrode PEDOT:PSS sensor was recently introduced for dynamic monitoring of epithelial barrier formation and disruption [95] (Figure 3a , epithelial integrity sensor). Using phase angle spectroscopy, epithelial monolayer formation of renal epithelial cells was monitored for about four days. Further, toxin-induced monolayer disruption was monitored at a high temporal resolution while simultaneous microscopic observation was performed.
Since cell growth, polarity and density are important parameters for all cell culture applications, and not only for the investigation of host-pathogen interactions, continuous electronic sensing could become a new method for optimization of routine cell culture interventions. Using wireless alerts, the researcher could be instantaneously alerted when cells are ready for passage, or if other, more unexpected events occur. Eventually such an automated cell culture system could contribute to early detection of microbial contaminations, deterioration and cell de-differentiation. Tissue culture forms the base of personalized regenerative medicine, and the combination of electronic and optical sensing offered by the organic PAS sensor may lead to fully automated systems in many cell biology applications [43] .
Advanced in vitro Models
The complexity of the in vivo scenario poses a challenge when building in vitro models aiming to decipher the role of various cell types in tissue homeostasis [121, 128] . This has provoked interest in developing improved biomimetic devices and in vitro systems. Early breakthroughs in nanotechnology have demonstrated how physical surface properties such as nanotopography could be used to alter cell behavior. Uroepithelial cells cultured on various nanostructured TiO surfaces showed varied epithelial cell morphology linked to the differential expression of cytokines and chemokines [129] . Today, the rapidly growing field of organic bioelectronics is providing new opportunities to produce active, patterned surfaces. Organic bioelectronics active surfaces will become helpful in mimicking the dynamic nature of biological processes as their surface properties can be tuned reversibly by application of an electrical potential.
In pyelonephritis (kidney infection), bacterial colonization on the mucosa of the kidney's tubular system causes severe disruption to the tight monolayer of the renal epithelium. Consequently, critical physiological functions such as ion reabsorption from primary urine into the vasculature are damaged. To model this in vitro, patterned organic bioelectronics polymers were employed to produce epithelia that could be actively controlled in a functionalized cell culture dish [42] . As renal epithelial Madin-Darby canine kidney (MDCK) cells were seeded, the active cell culture dish was electronically addressed to produce changes in the redox state of the conductive polymer system PEDOT:tosylate. Thus, MDCK cells were growing well when in contact with the reduced surface, displaying normal cell morphology, proliferation, and tight junction formation, whereas a complete absence or only apoptotic cells were seen on oxidized surfaces (Figure 3a , attachment switch). Furthermore, it was shown that continuous redox switching does not affect cell functionality when attached to the reduced surface because the current flow ceases just a few minutes after switching when the polymer is fully oxidized/reduced [42, 47] . Different cell types (e.g. fibroblasts) also exhibit tunable attachment properties depending on the redox state of the material. On a microwrinkled conductive polymer interface, guided anisotropic multicellular alignment of murine skeletal muscle was demonstrated on top of a fibroblasts feeder layer. Furthermore, fibroblast attachment and formation of a topographically aligned multicellular layer was not permitted on oxidized PEDOT:PSS layers [130] .
A number of mechanisms for cell adhesion and expression of extracellular matrix components make it likely that different cell types are influenced in a variety of ways by the redox state of a conducting polymer. MDCK cells seeded onto the channel of an OECT responded to an electrochemical gradient by attaching at specific positions throughout the channel [47] (Figure 3b , cell density gradient). A gradient of cells was generated and the lowest number of adherent cells was present on the oxidized side. The number of cells gradually increased towards the reduced side, until a sharp drop at the highest reduction potential was observed. Tuning the gate potential and increasing the gradient steepness creates a narrow band of material redox states in which cells are able to proliferate or attach (Figure 3b , focused cell attachment). A linear gradient of mesenchymal fibroblasts and fibroblast cell lines was generated on an OECT channel with PEDOT:tosylate deposited on top of indium tin oxide (ITO) [131] . Thus, it seems that redox modulation can be used as a tool to produce 2D patterns that can be applied to multicellular models in vitro. Sequential switching electrochemical surfaces as well as seeding of different cell types in a timely way would allow different and yet functionally complementary cells to be correctly positioned in the same cell culture dish. The systems could be developed into excellent tools to understand intercellular signaling pathways between cells in different tissues.
An increasing number of studies are showing that the 3D distribution of tissues, organs and organ systems can influence local physiology [132, 133] . Expanding the idea of planar multicellular 2D cell culture models to 3D tissue models requires methods to release cell layers from surfaces on which they are grown. Stacking cell layers with well-defined 2D structure could ultimately evolve into fully developed 3D tissue or organ models in which communication between cells and cell layers can be examined under more natural conditions. Electro-responsive technologies for the production of cell sheets have been implemented, using the affinity of cells to the RGD peptide as an anchor. In one example, the RGD peptide motif is presented to the cells via an electro-active tether to a self-assembled monolayer (SAM) of alkenethiolates on Au [134] . Applying an electrical potential via the Au surface released fibroblasts evenly over the entire electro-active surface. By reversing this principle with the addition of a cyclopentadiene modified RGD motif, a surface can be modified from a state that prevents to a state that promotes cellular attachment. This mechanism was used to initiate and synchronize fibroblasts migration to specific points on patterned surfaces [134, 135] . An example of this technology on Au threads has been used to generate capillary-like structures as tissue constructs [136] . Based on the discovery that polyelectrolyte mono-and multilayers desorb with electrochemical polarization of a substrate [137] , a polyelectrolyte system deposited onto the conducting polymer ITO was used to release sheets of fibroblasts and osteoblasts after a positive potential was applied to the ITO layer [138] . By applying the previously described polyelectrolyte technology to a micropatterned ITO platform, it was possible to produce micropatterned co-cultures of primary human chondrocytes and human mesenchymal stem cells [139] . Another approach for cell release from a substrate was presented using a self-doped water-soluble conductive polymer [67] . Incorporation of PEDOT-S:H thin-film electrodes into transparent cell culture devices lead to human uroepithelial bladder cells being released upon an electrochemical signal. Cells that were released were viable and functioned normally. Just as importantly, surface antigens were preserved on the cells to a greater extent when this method was used in contrast to traditional trypsination. The PEDOT-S:H system merges high spatial resolution of detachment, green synthesis and electrochemically triggered detachment of cells from surfaces. Automated, local detachment of cells using conductive polymers could be used as informative new tools when studying exfoliation of epithelial cells and wound healing.
Cell Biology
The cellular microenvironment, reactions of cells to external stimuli and interactions of cells with each other are, today, difficult to study on a very small scale. Using the active surfaces or OEIP technology described earlier in this review, cells can be stimulated very locally and in a temporally defined manner without disturbing the cellular microenvironment. Further, using electronic sensors and monitoring cells continuously with high temporal resolution, new dimensions of cellular processes could be uncovered.
It is, for example, widely accepted that a high blood level of liver-produced c-reactive protein (CRP) is a sign of an infection somewhere in the body [140] . The processes that lead to local activation of CRP at the infection site are, however, widely unknown. Using a biomimetic cell membrane combined with an OEIP Goda et al. [141] created an in vitro environment that replicates the pathogenic progression on a sensing platform to investigate the molecular dynamics of C-reactive protein (CRP). By controlling pH and [Ca 2+ ] in the local microenvironment activation of CRP was monitored in real time and binding kinetics of CPR to the bimimetic membrane were established under defined pH and [Ca 2+ ]. At the same time, the process of CRP activation was monitored using TIRF microscopy to show that binding occurred at specific points of the surface where there was a change in either the pH or [Ca 2+ ]. Thus, Goda et al. could show that very local changes in pH and [Ca 2+ ] as found at the infection site contribute to CRP activation and local initiation of an immune response.
Another phenomenon difficult to study in cell biology is the effect of mechanical stress and tension on a cell culture. Organs such as the urinary bladder can accommodate large changes in the volume of the liquid. Contraction and expansion of cells in the transitional epithelium allow for the distension required for the bladder to stretch between being empty and full. The transitional epithelium also acts as a barrier, with tight junctions that protect the inside of the body from exposure to the outside. As infection progresses there is a rise in the interstitial pressure caused by an increase in water uptake into the interstitium. Technology that allows the study of mechanotransduction and mechanical stimulation of epithelia in vitro is therefore very important. In tissues and whole organs, mechanotransduction was studied with flexible tissue culture substrates that could be stretched by applying external forces. On the cellular and subcellular level, however, specific technology to apply realistic mechanical stimuli is limited. Svennersten et al. produced an organic electronic microactuator chip for the mechanical stimulation of individual cells [41] (Figure 4a , mechanostimulation due to swelling). Photolithography and microfabrication were used to produce individually addressable, alternating areas of PPy and SU8 on a silicon wafer. Uroepithelial cells were grown on the PPy/SU8 and mechanically stimulated when the polymer expanded due to the electrochemical switching. The increase of intracellular [Ca 2+ ] caused the activation of an autocrine ATP signalling pathway that is associated with the mechanical stimulation of cells. Sensitivity of elastic organs to infection whether relaxed or stretched could be studied using this mechanostimulation technology.
Another innovative approach of using organic bioelectronics is as a capture and release system for circulating tumor cells (CTCs) [142, 143] . CTCs are cancer cells that break away from the tumor with the capacity to form distant metastases. Detecting CTCs from liquid blood biopsies could aid in the diagnosis of tumor incidence, recurrence and metastases in patients. To achieve a NanoVelcro effect for CTCs, carboxylic acid grafted PEDOT (PEDOTAc) nanostructures were conjugated with an antibody against the epithelial cell adhesion molecule (EpCAM) [142, 143] . Highly regular nanorod arrays of PEDOTAc coated with PLL-g-PEG-biotin were conjugated with biotinylated anti-EpCAM via streptavidin. The key concept for the capture and release of the CTCs was the dynamic control of the Pll-g-PEG-biotin coating on the PEDOTAc nanorods. The function of the device was demonstrated by capturing of human breast adenocarcinoma cells, which subsequently could be released by repeated potential sweeping between -0.8 to 0.5 V [144] .
Conclusions
Translation between the "electron" world of electronic devices and the "ion" world of biology is a major challenge in modern medicine. Development of high technology brain-computer interfaces and prostheses can allow paralyzed patients to regain mobility and improve quality of life. Furthermore, cheap and precise sensors will allow for timely medical intervention and facilitate remote medicine to avoid hospitalization. Here, we refer to organic bioelectronics as tools that bring electronic precision into biology and biomedical applications. Advanced in vitro technologies are introduced, which apply active surfaces or ion transport devices to mimic dynamic in vivo environments. We also highlight the potential of ion transport technology to delivery biomolecules with high spatiotemporal resolution and precise electronic control. The numerous practical demonstrations of both the effectiveness of organic bioelectronics and the flexibility of the platform are a good indication that organic bioelectronics will become an important component of the next generation of medical devices, as is shown in the example of the organic electronic biomimetic neuron.
